1. The aim of this study was to investigate the role of the antagonist muscle in determining the accuracy of fast, single-joint motor responses to a target. We recently found that Cs/C6 tetraplegic subjects, who lacked voluntary control of their triceps muscle, were less accurate than control subjects in producing fast flexion movements to a target.
2. Two hypotheses are proposed to account for these larger errors: I) the ability of tetraplegic subjects to compensate for errors arising early in the motor response is impaired because of the lack of antagonist muscle activation; or 2) tetraplegic subjects lack antagonist (braking) force, so they must use much smaller accelerative forces when they move, in order to avoid overshooting their target. Because studies have shown that low levels of force are produced with less relative accuracy than larger forces, this relative inaccuracy of force generation by the motor control system at low force levels is responsible for the inaccuracy of tetraplegics' movements. To test these two hypotheses, we compared the variability of "fast and accurate as possible" force pulses in four control subjects and four C/C6 tetraplegic subjects to targets at 15, 30, and 45% of maximum voluntary contraction. Multiple regression analyses were performed to look for patterns of agonist or antagonist muscle activation consistent with compensatory adjustments for early trajectory errors in both groups of subjects.
3. Force rise time was significantly prolonged in tetraplegic subjects, although there was some overlap between groups. At similar levels of effort, there were no significant differences in constant and variable errors of control and tetraplegic subjects. We also found no consistent statistical evidence for the presence of compensatory electromyographic activity in either group of subjects. Subjects who lacked the ability to make corrections involving the triceps muscle performed as well as subjects with normal triceps strength. This suggests that a corrective mechanism involving the triceps must have a weak role, if any, in these experiments.
4. Together with our observation that lower force targets are indeed associated with larger relative variable errors, in both control and tetraplegic subjects, the above results lead us to conclude that the second hypothesis listed above is more likely correct. The antagonist muscle clearly enables the production of briefer force pulses. In addition, the antagonist indirectly contributes to the accuracy of isotonic movements because antagonist braking allows larger agonist forces to be used. These larger agonist forces are less variable, and produce more accurate movements, than the smaller forces used by tetraplegic subjects.
INTRODUCTION
Variability in repetitive performance of the same motor task, even by a skilled individual, is a characteristic feature of the neuromuscular system. In particular, errors in reaching a target location, which cannot be eliminated even after extensive practice (Jaric et al. 1992) . have been investigated under various task conditions. It has been shown that the accuracy of slower motor responses aimed at a target is largely influenced by visual (Crossman and Goodeve 1983; Keele and Posner 1968) and/or afferent feedback (Angel 1977; Capaday and Cooke 198 1) . However, it remains controversial whether rapid responses are structured in advance or can be modified during execution. The presence and timing of corrective adjustments to motor efforts have been investigated during tonic torque changes (Cord0 1987)) isometric force pulses (Gordon and Ghez 1987b) , and elbow extension movements (Van der Meulen et al. 1990 ). Others have suggested neural pathways that could provide for timely corrections of errors arising near the beginning of a motor response (Angel 1976; Cook and Diggles 1984; Pelisson et al. 1986; Prablanc et al. 1986 ).
Various models based on the concept of open-loop and/ or closed-loop control have been proposed to explain the observed variability of fast motor responses, and among these several have proposed a role for the antagonist muscle. Open-loop models associate motor output variability with an inherent variability of control signals generated within the nervous system to drive a limb toward a desired target. The original impulse variability model (Schmidt at al. 1979) was only concerned with the accelerative force pulse and its variability, which was assumed to be proportional to the size of the pulse itself. Later, a more physiologically realistic model was proposed that also recognized the contribution of the antagonist muscle force at a joint (Meyer et al. 1982) ; however, the effect of the antagonist on response accuracy was not specifically addressed. This symmetric impulse variability model assumed identical time profiles of the accelerative and decelerative components of a net joint torque, and could predict some quantitative features of the speed versus movement accuracy tradeoff previously investigated under experimentally imposed error constraints (Fitts 1954) or time constraints (Schmidt et al. 1979) .
Practice, through the repetition of the same motor task, leads to enhanced performance in which improvement has been observed in both speed and accuracy of the targeted movement (Gottlieb et al. 1988) . Darling and Cooke ( 1987a) have reported also that variability of the entire movement trajectory is reduced with practice; however, this effect was not accompanied by an equivalent decrease in the variability of movement-related electromyographic (EMG) activity, which in fact became more variable as speed of the movement increased (Darling and Cooke 1987b). To ex-plain this discrepancy, Darling and Cooke assumed a role for the antagonist muscle in reducing movement variability by means of linkage or correlation between the antagonist and agonist torques. In a proposed model (Darling and Cooke 1987~) ) the antagonist muscle force is determined not only by the size of the pulse, as in impulse variability models, but also by strength of correlation, or interdependence, of opposing muscle forces, developed through practice. The ability of the antagonist muscle to compensate for highly variable agonist activation was largely attributed to a learning process that could improve the programming of commands sent to appropriate muscles.
It has been suggested recently (Gordon and Ghez 1987b) that the antagonist muscle might reduce the variability of motor responses by means of closed-loop control, through central monitoring of efferent commands and provision of compensatory corrections to errors detected in the early part of the force trajectory. The antagonist could, for example, contract more powerfully to counteract potential overshoot in the case of overly forceful agonist contraction.
In the current study we examine force variability when the ability to activate the antagonist muscle is minimal or absent. Our recent work (Wierzbicka and Wiegner 1992) has shown that tetraplegic persons, who have lost voluntary control of their triceps brachii as a result of spinal cord injury at the Cs/Ch cervical level, move more slowly and make larger errors in goal-directed fast elbow flexion movements. Two hypotheses might be proposed to account for these larger errors.
I) The ability of tetraplegic subjects to correct errors arising early in the motor response is impaired because of the lack of antagonist muscle activation, thus resulting in larger errors according to the hypothesis of Gordon and Ghez (1987b) .
2) Because tetraplegic subjects lack antagonist (braking) force, they are forced to use much smaller forces in the muscles accelerating the limb, in comparison with control subjects, to avoid overshooting the target during movements. These smaller forces have been shown to be associated with increased variability (coefficient of variation) of force from trial to trial (Carlton et al. 1993; Sherwood et al. 1988 ). According to this hypothesis, this relative inaccuracy of force generation by the motor control system at low force levels is responsible for the inaccuracy of movements made by tetraplegic subjects (see DISCUSSION) .
To test these two alternative hypotheses, we compared isometric elbow flexion force pulses requiring the same percentage level of maximum voluntary force (MVF) in control subjects and in Cs/C6 tetraplegic subjects.
METHODS

Subjects and experimental tasks
Four male CJC6 tetraplegic subjects, with relatively well-preserved biceps function but little or no voluntary control of triceps, and four male control subjects participated in the study (Table 1) . Subjects were seated comfortably with the shoulder abducted 90", the elbow supported on a cushioned shelf and flexed 90", and the forearm strapped to a cast attached to a force transducer mounted at the wrist, -25 cm from the elbow. Subjects made isometric force efforts, pulling toward the body. To isolate the biceps/triceps as the source of muscle force, subjects were instructed to "use your elbow as a fulcrum"
and not to produce force by means of trunk or shoulder movements. This was less of a concern with tetraplegic subjects, who lacked voluntary control of trunk muscles; the configuration of the apparatus effectively eliminated any contribution of the shoulder muscles to elbow extension force. Surface EMG was recorded from the biceps and triceps muscles with Liberty Mutual electrodes. An oscilloscope screen displayed a target line and the subject's current force, so subjects had visual feedback of performance on each trial.
Subjects practiced making force pulses until they felt comfortable with the task and their speed and accuracy had plateaued; practice time ranged from a few minutes to -1 h. We did not observe improved performance with successive blocks of trials, but we cannot discard the possibility that more practice might have affected subjects' ability to compensate for errors. The pulsatile nature of the task was emphasized by instructing subjects not to remain at the target, but to allow force to return to baseline as soon as possible.
At the beginning of the experimental session, MVF was measured for biceps and triceps muscles (Table 1 ) . Subjects then produced blocks of 50 flexion force pulses at the elbow joint "as fast and accurately as possible" to each of three visual targets: 15, 30, and 45% of MVF ( 150 trials in all); target order was randomized [ 1 tetraplegic subject (suhjcct 2) produced 20 trials per block]. In addition, variability of force pulses at very small effort (5% MVF) was studied in control subjects and in one tetraplegic subject (su&xt 3)) so these subjects performed 200 trials in all. Normalization of target amplitude is necessary because, as several studies have shown (e.g., Sherwood and Schmidt 1980) , error is a function of percent of maximal effort, so one cannot compare errors in targets of constant amplitude in sub.jects with differing strength.
Data evaluation
Each record was analyzed for peak force ( N ) , peak rate of generation of force (dF/dt, N/s), and peak second derivative of force [ d2F/dt2, N/s', as used previously (Gordon and Ghez 1987b) as a quantitative measure of early response]. Force rise time was measured from the time when d'F/dt' reached 5% of its maximum, to peak force. Errors were normalized with respect to the response size (Sanes 1986). Constant error ( average % overshoot of the target level > and variable error (SD of within-sub-ject constant error for a given target) were calculated for each block of trials. Variable error, as used here, differs slightly from coefficient of variation of peak force in that target force is used for normalization in the former case, and mean peak force in the latter case.
EMG, sampled at 1 kHz, was rectified and smoothed with the use of a Gaussian smoothing filter with SD = 2 ms. EMG burst widths and areas were calculated by means of an automatic algorithm that detected EMG burst peaks and tracked the burst on both sides until amplitude was down to 5% of peak, which was defined as the beginning and end of the burst. EMG burst width data from every trial were examined by eye by an investigator not familiar with other trial parameters, who corrected obvious errors made by the automatic analysis. In one control subject (sd~jcct 3)) antagonist EMG was not analyzed because of a loosened electrode.
Analysis of' compensutory responses
We conducted a statistical analysis like that used by Gordon and Ghez ( 1987b) to look for corrective adjustments that might occur during the course of generation of a force pulse and could counteract initial trajectory errors to some extent. The reader is referred to that paper for the rationale of Gordon and Ghez and a detailed description of their methods; a brief summary of their statistical model is presented in the APPENDIX. Briefly, these authors made the following main points on the basis of the statistical analysis of force trajectories by subjects asked to minimize force rise time ( "fast" condition) or make responses as accurate as possible ( "accurate' ' condition).
1) The peak force cannot be entirely predicted from peak d2F/ dt2, as would be expected if force pulses were fully preprogrammed according to the pulse height hypothesis (Gordon and Ghez 1987a) .
2) Achieved values of peak force suggest compensatory effects, i.e., they are closer to the target than values of peak force predicted from peak d2F/dt 2. The improper scaling of peak d2F/dt2 appears to be partially compensated by adjustment of the force rise time.
To explore these issues, we calculated simple regressions of the contribution of peak d2F/dt 2 to the variance in peak force and the variance in force rise time. By performing multiple regression analyses, we also assessed the effect of target amplitude (indepen- dent of the effect of peak d'F/dt') on peak force and the force rise time (see APPENDIX for more details). Gordon and Ghez ( 1987b) also indicated that trajectory adjustments may be implemented by modulating the area of the antagonist burst and the duration of the agonist burst. We conducted single and multiple regressions similar to those of Gordon and Ghez to see whether we could reproduce their results in our control subjects, and to what extent these patterns would persist in subjects lacking antagonist strength. We therefore looked at the simple regression of antagonist magnitude on peak d'F/dt', and using multiple regression we looked for an independent effect of target amplitude on antagonist magnitude. We repeated those calculations with the duration of the initial agonist burst as the dependent variable, determining the contribution of peak d2F/dt2 and, independently, target amplitude to the variance of the duration of the initial agonist burst.
RESULTS
Comparison of accuracy
Tetraplegic subjects scaled their force responses and biceps (agonist) EMG proportionally with target amplitude Open symbols: control subjects. Filled symbols: tetraplegic subjects. Each symbol is an average of all trials by 1 subject to 1 target.
( Fig. 1 ) in a similar way as did control subjects (Fig. 2) . Triceps EMG of a tetraplegic subject is clearly absent in Fig. 1 B. As a consequence of absent triceps force, the shape of the force pulses made by tetraplegic subjects (Fig. 1A ) was broader and lacked the sharp postpeak decline seen in control subjects ( Fig. 2A ) that results from antagonist activation. In addition, the force rise time was significantly prolonged in tetraplegic subjects (Fig. 3, Table 2 ), although there was some overlap between the groups. In particular, the slowest control subject and the fastest tetraplegic subject had similar force rise times (Fig. 3) . Force rise time was independent of target amplitude in both groups.
Average maximum amplitude of agonist EMG activity during trials to 45% MVF ranged from 50 to 600 PV in control subjects, and from 25 to 500 PV in tetraplegic subjects. Because EMG electrode placement was not optimized for largest EMG amplitude, and the effects on EMG amplitude of spotty muscle denervation in tetraplegic subjects are unknown, EMG amplitudes were not analyzed further.
Interestingly, at comparable levels of voluntary effort, accuracy of motor responses was similar in both groups of subjects. Tetraplegic subjects' constant errors were not statistically different from those of controls (Table 2 ). All subjects overshot the 15% MVF target to a greater or lesser extent, but accuracy was better at 30% MVF and 45% MVF. In addition, tetraplegic subjects were just as consistent in trying to produce identical force pulses from trial to trial as control subjects, because variable errors were virtually the same in both groups (Table 2, Fig. 4 ). In general, variability of motor responses, expressed as a percentage of deviation from the target, increased at smaller force levels. [This contrasts with the variability of errors expressed as its SD in N, which increases with force up to -30% of MVF and then declines, in both control and tetraplegic subjects ( Fig. 5 ; see also DISCUSSION).] Variable error was independent of force rise time (Fig. 6 ) when both groups of subjects were considered individually and when the data from both groups were combined (Spearman rank correlation coefficients, all statistically nonsignificant).
Statistical analysis offorce trajectories
Peak d2F/dt2 was found to be a good predictor of peak force in all subjects: the fraction of variance in peak force accounted for by peak d'F/dt' (expressed as R', the square of the correlation coefficient) ranged from 0.87 to O-98? and was similar in both groups (Table 3) . When the independent contribution of target amplitude was included by means of a multiple regression of peak force on peak d"F/dt' and target amplitude, its effect was also significant in all subjects, as can be seen in the significant standardized regression coefficients and the increase in R' (Table 3) . Moreover, the positive sign of the standardized regression coefficient for target amplitude found in our study indicates, according to Gordon and Ghez ( 1987b) , a compensatory response, because for any peak d'F/dt', "greater peak forces will be achieved for larger target amplitudes."
Similarly, target amplitude made a signiricant contribution to force rise time, independently of peak d'F/dt' ( Table 4) . The latter factor alone accounted for only 2-37s of the variance in force rise time ( is the SD of all trials to that target.
amplitude was again consistent with the hypothesis of a compensatory adjustment of force rise time, because for a given peak d"F/dt 2 there was a tendency for force rise time to be increased for larger targets, allowing more time to reach the target. The statistical parameters reported above were virtually the same in control and tetraplegic subjects. These results are very similar to those reported earlier by Gordon and Ghez ( 1987b) .
Statistical analysis of EA4G
To explore how compensation for early trajectory errors could be implemented by means of adjustments in agonist and antagonist muscle activity, we looked for changes in EMG that were consistent with the potentially compensatory effects found in analysis of the force trajectory. The results of regression analyses performed with the area of the antagonist EMG burst as dependent variable and peak d2F/dt2 and target amplitude as independent variables are shown in Table  5 . If the effect of peak d2F/dt2 on the antagonist burst is to be compensatory, positive regression coefficients between these two variables would be expected (Gordon and Ghez 1987b) . This means that for a given target amplitude, larger peak d2F/dt2 would require a larger antagonist burst to reduce overshoot by shortening force rise time, and therefore regression lines plotted for individual targets should be steeper than the overall regression line. ized regression coefficients for peak d"F/dt' were significant for all of our subjects (Table 5 ), in only one of three subjects were slopes of regression lines for individual targets found to be steeper than the overall regression line. In Gordon and Ghez ( 1987b), five of six subjects had significant standardized regression coefficients in the fast condition. In contrast, a negative standardized regression coefficient between target amplitude and antagonist EMG burst area would be needed to provide a compensatory response. This is because for a given peak d 'F/dt' , smaller target amplitude would require a shorter force rise time, which could be achieved only with a larger antagonist burst, and vice versa (Gordon and Ghez 1987b). We found that only one of three control subjects met these criteria; the other two subjects showed statistically insignificant effects (Table 5 ) . This analysis was not conducted in tetraplegic subjects because they lacked antagonist EMG activity. In Gordon and Ghez ( 1987b), statistically significant regression coefficients between target amplitude and antagonist EMG burst area, suggesting compensatory adjustments, were found in three of six subjects making fast force responses.
Possible compensatory effects produced by adjustments in duration of the agonist burst were examined by performing a regression analysis with the duration of the agonist EMG burst as dependent variable and peak d'F/dt' and target Single regression, antagonist burst area predicted by peak d2F/dt2; multiple regression, antagonist burst area predicted by peak d2F/dt2 and target amplitude.
For other abbreviations, see Table 3 . * P < 0.05. "f P < 0.01.
amplitude as independent variables. In this case, for a compensatory response, the regression coefficient between peak d2F/dt2 and the agonist burst duration should be negative, which would imply that a positive error in peak d2F/dt2 would be counteracted by earlier termination of agonist activity. Half of our data showed negative values for this standardized regression coefficient (Table 6 )) but none of the coefficients reached statistical significance. In Gordon and Ghez ( 1987b), statistically significant negative regression coefficients between agonist burst duration and peak d2F/ dt' were found in one of six of their subjects making fast responses.
The effect of target amplitude on the agonist burst duration is compensatory if the regression coefficient between the two variables is positive, which means that for a given peak d2F/dt2, " larger target amplitudes are associated with longer burst durations' ' (Gordon and Ghez 1987b). We found significant positive regression coefficients in data from two of four control subjects and three of four tetraplegic subjects, including those shown in Fig. 7, A and B. Gordon and Ghez ( 1987b) reported compensatory effects in one of six subjects in the fast condition. Figure 7 provides examples to illustrate the data summarized in Table 6 . In Fig. 7 , regression lines are shown for tetraplegic subject 1 (Fig. 7A , the same subject as Fig. 1 A) and control subject 3 (Fig. 78) ) in both of whom there was statistical evidence consistent with a compensatory effect of target amplitude. The dashed line is the overall regression line and shows, in each case, an increase in burst duration with higher peak d2F/dt2. When responses to each target are considered separately, as shown in the three solid regression lines in each plot, the relationship between peak d'F/ dt2 and agonist burst duration is variable; it is negative in the cases of the 15 and 30% targets in Fig. 7A and the 45% target in Fig. 7B , although none of the six regression slopes differ significantly from zero. Overall, the slopes of single target regression lines were significantly negative in 4 of 24 cases (8 subjects x 3 targets).
DISCUSSION
Comparability of responses
Tetraplegic subjects performed as accurately as control subjects in this fast motor task. The obvious difference between the groups is the lack of antagonist activation in the tetraplegic group. Because the tetraplegic group produced slower rise times, the question arises whether these are "equivalent' ' efforts, and thus whether equal accuracy should be expected. One might argue, for example, that because the tetraplegic group has performed slightly more slowly, they should, according to the speed-accuracy tradeoff, perform more accurately, so that their comparable accuracy may represent a deficit. We would like to present several arguments why this is not the case, and why the movements should be considered equivalent. I) Each subject in both groups was given the same instructions, and trained and cajoled until the subject performed as fast as able. Simply stated, some people are capable of faster movements than others.
2) Antagonist activation results in a narrower force pulse and a shorter force rise time, much as it contributes to shorter movement times in fast isotonic movements (Wierzbicka et al. 1986 ). Thus longer rise times of tetraplegic subjects reflect missing antagonist torque, not an intentionally slower movement reflecting a change in central motor pattern. To reinforce that point, note that the tetraplegic subject in Fig.  1 B is producing a triphasic pattern (minus the antagonist) : there is a clear silent period between the two periods of agonist activity. A similar EMG pattern was found in fast isotonic movements of tetraplegic subjects (Wierzbicka and Wiegner 1992) . This is like the fast condition of Gordon and Ghez, not like the extended biceps activity with a minimal silent period seen in the accurate condition in Fig. 6B of Gordon and Ghez ( 1987a, p. 248) .
3) There is some overlap between force rise times of the two groups (Fig. 3) at comparable accuracies. Although there are only eight subjects, there was no correlation between force rise time and variable error, either within or across the groups (Fig. 6) . 4) Finally, the speed-accuracy tradeoff is properly applied only within a set of movements with varying accuracy constraints, e.g., targets of different sizes, by a given subject.
It cannot be applied across subjects performing exactly the same task, so it is improper to apply it to the present paradigm.
Accuracy with and without an antagonist
Persons with spinal cord injuries at the C/C6 cervical level, who lack voluntary control of the triceps muscle, have difficulty controlling their arms, even when their biceps muscle is of relatively normal strength. In addition to obvious limitations in movements requiring elbow extension, such as reaching overhead, our recent studies of elbow flexions aimed at a target indicate that movement time is prolonged and overshooting errors, in particular at small distances ( 10 and 20"), are significantly larger than in control subjects (Wierzbicka and Wiegner 1992) . One possible explanation for these less accurate movements of tetraplegic subjects is the lack of a correction mechanism that the triceps muscle may provide. Gordon and Ghez ( 1987b) have suggested that in fast responses, some adjustments in activation of antagonistic muscles may occur to compensate for errors arising in the early part of the force trajectory. According to this hypothesis, the reciprocal effect of the antagonist muscle is "ideally situated to apply compensatory adjustments by controlling rise time in both the Fast and Accurate conditions."
This reasoning, however, does not explain why movement errors of tetraplegic subjects remained within the normal range for larger-amplitude movements (30") and when flexions were performed against a constant braking torque provided by an external motor at the elbow joint (Wierzbicka and Wiegner 1992) . The current study clarifies this issue. Our results indicate that there was no significant difference in constant and variable errors between groups of control and tetraplegic subjects at similar levels of effort. Because control subjects could not make fast, single-effort force pulses more accurately than tetraplegic subjects, we find no evidence that the presence of an antagonist muscle enables one to make more accurate force responses. This conclusion is supported by the lack of clear evidence of compensatory EMG activity in both groups of subjects when we analyzed our data with the use of the statistical model of Gordon and Ghez. (It should be noted that the statistical results of Gordon and Ghez were more suggestive of compensatory adjustment of EMG burst parameters in the case of accurate movements than of fast movements.) Tetraplegic subjects, who lacked the ability to make corrections involving the triceps, performed as well as subjects with normal triceps strength. This suggests that a corrective mechanism involving the triceps, of the sort hypothesized by Gordon and Ghez, must have had a weak role, if any, in these experiments. The degree to which correlations between variables suggested a corrective mechanism was comparable in both groups, so it is not likely that tetraplegic subjects learned to shift their corrective mechanisms to modulation of biceps EMG burst width. Finally, although the variable error of all subjects fell within a fairly narrow range, and no subjects performed consistently much better or worse than others, there was no evidence that those subjects, in whom the statistical analysis was consistent with compensatory effects, performed any better than those whose data were not consistent with compensatory effects.
The use of the statistical model of Gordon and Ghez ( 1987b) to detect compensation for early errors depends on the assumption of the pulse height model, defined in the APPENDIX. In that model, force rise time is strictly regulated, and force height varied by varying the rate of rise of force. An alternative hypothesis is that the interplay of descending CNS commands with spinal circuitry results in constancy of the essential impulse (area of the agonist burst). Subjects, consciously or unconsciously, may produce slight variations in EMG pattern from trial to trial, characterized by, for example, a small decrease in the height and increase in the width of the agonist EMG burst, but maintaining its essential area. This would result in statistical results similar to those of Gordon and Ghez ( 1987b) , but without the requirement of a separate compensation mechanism per se. One could argue that this is still a kind of innate compensation applied to the agonist muscle, but it avoids the necessity of invoking a distinct compensation mechanism that we have shown to have a weak influence, if any, on the antagonist muscle in these studies.
Why do tetraplegic subjects produce less accurate movements?
To understand why movement errors of tetraplegic subjects were reduced when extensor torque was provided to the elbow joint (Wiegner and Wierzbicka 1992), we must consider the inherent variability of force at different levels of effort. The current data indicate that the variability of peak force, expressed as its SD, increases with force up to -30% of MVF and then declines in both control and tetraplegic subjects (Fig. 5 ). There is a nonmonotonic relationship between force and force variability, with the tetraplegic subject peaking at a lower absolute force because of lower MVF. A similar dependence of force variability on force amplitude, described as an inverted U relation, has been reported previously (Schmidt and Sherwood 1982; Sherwood and Schmidt 1980) . However, in these earlier studies, variability reached its maximum at -65% of MVF and then declined. This discrepancy may be explained by a difference in the rate of force production. It has been shown (Carlton et al. 1993; Newell and Carlton 1988 ) that peak force variability is dependent on force rise time: comparisons among isometric contractions with similar peak forces but different force rise times indicate that shorter times to peak force are associated with larger SD of peak force. Because the contractions produced in this study were much faster than those (200 ms) described by Sherwood and Schmidt ( 1980)) we found larger variability of force at a given force level (Fig. 5) . We also found that the point at which force variability is maximal moved toward lower values of MVF. Thus the linear relation between force and variability, originally assumed in impulse variability models (Meyer et al. 1982; Schmidt et al. 1979 ), appears to be valid only over a limited force range in the case of very fast responses.
In our previous and current studies, we have used a relative measure of intertrial variability rather than simple SD. This measure is similar but not identical to the coefficient of variation ( see METHODS).
The relative variability of force increases at low force levels (Fig. 4) . This implies that subjects have more difficulty consistently reproducing small forces than larger forces.
Because movements performed by tetraplegic subjects, without torque motor braking, were approximately half as fast as and had accelerations one third as large as those of control subjects (Wierzbicka and Wiegner 1992) ) tetraplegic subjects used considerably smaller forces, reflected also in significantly reduced amplitude of the first agonist EMG burst, to produce a given amplitude movement. This leads us to conclude that the larger errors which tetraplegic subjects produce in 10" movements can be explained by the larger variability of the small forces underlying those movements. Larger movements and/or movements made against a braking torque require larger forces, with their accompanying smaller relative variability, which is consistent with the observation that movement errors of tetraplegic subjects decreased to within the normal range when they made 30" movements or when 2.5 or 5-N. m extensor torque was provided at the elbow joint (Wierzbicka and Wiegner 1992) . Thus braking torque reduced movement variability just as added preload has been shown to decrease force variability (Newell and Carlton 1988) . describe their observations of how subjects matched the amplitude of force impulses to different target forces. The general rule of the model was that different peak forces were achieved by varying the rate of rise of force, whereas the rise time of force was regulated about a constant value dependent on the instruction set. In the paper by Gordon and Ghez, operation of the pulse height control policy accounted for 71-96% of the variability in the peak force of subjects' responses. That is, when a simple linear regression was performed with peak d'F/dt' as the independent variable and peak force as the dependent variable, the square of the simple correlation coefficient ranged from 0.71 to 0.96. Gordon and Ghez then turned their attention to whether some portion of the residual variability could be accounted for by compensatory adjustments to the trajectory.
Four to 29% of the variance in peak force was not accounted for by peak d2F/dt2; these deviations from linear scaling of peak d"F/dt' to the target, that is, deviations from the pulse height model, could be considered as errors. One way for these errors to be corrected would be to adjust force rise time to compensate for early errors in peak d'F/dt': for example, if d'F/dt' starts out too large for the desired target force, rise time can be attenuated to reduce the potential error.
There are two ways for target amplitude to influence peak force. First, there is a direct effect, in which planning a force effort to a target leads to a certain rate of rise of force (and thus d'Fldt') that, by the pulse height model, produces an expected peak force. Second, there is a corrective effect of target amplitude on peak force, defined as an influence of target amplitude on peak force that is independent of the effect of peak d'F/dt' on peak force and acts to reduce the error in peak force. This corrective effect could be implemented by making changes in the duration or amplitude of the EMG bursts to modify the rise time of force.
Each regression coefficient in a multiple regression analysis describes the relation between one predictor, or independent, variable, and the dependent variable, when all other independent variables are held constant. [Standardized regression coefficients ( p ) express this relationship in terms of SDS of the variables; they are not sensitive to the choice of units for the variables. If a change of 1 SD of the independent variable results in a change of 0.5 SD of the dependent variable, p = OS.] By the use of multiple regression analysis, the overall variance in peak force can be partitioned into a preplanned part due to pulse height control, reflected in peak d2F/dt2, and compensatory adjustments reflected in altered force rise time. In the latter case, the sign of the regression coefficient indicates whether the effect is compensatory: a positive regression coefficient is consistent with a compensatory response because, for a given peak d'F/dt'; larger targets will be associated with higher peak forces.
To explore the possible implementation of the corrective rnechanism, Gordon and Ghez ( 1987b) used the same statistical methods they used with peak force to look at the variance in force rise time, the duration of the first agonist EMG burst, and the area of the antagonist EMG burst. Each of these was taken as the dependent variable, and in each case multiple regression analysis determined whether there was a significant effect of target amplitude on these variables, independent of the effect of peak d'F/dt', and whether it was a compensatory effect. If so, this would suggest that a significant reduction in error might occur by means of adjustments to the EMG parameters. of Gordon and Ghez ( 1987a,b) .
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